Deterministic Lateral Displacement (DLD) microfluidic devices provide a reliable label-free separation method for detection of circulating tumor cells (CTCs) in blood samples based on their biophysical properties. In this paper, we proposed an effective design of the DLD microfluidic device for the CTC separation in the blood stream. A typical DLD array is designed and numerical simulations are performed to separate the CTC and leukocyte (white blood cells) in different fluid flow conditions. Fluid-Solid Interaction method is used to investigate the behaviour of these deformable cells in fluid flow. In this study, the effects of critical parameters affecting cell separation in the DLD microfluidic devices (e.g. flow condition, cell deformability, and stress) have been investigated. The obtained results show that unlike leukocytes, the CTC's motion is independent of the flow condition and is laterally displaced even in higher Reynolds number. Larger cells (CTCs) cannot intercept the low-velocity fluid near the wall of the posts; thus, they move faster and become separated from leukocytes. To reduce the cellular stress during separation process, which causes increase of cell viability and more effective design of microfluidic device, the results obtained here may be used as a significant design parameter for the DLD fabrication.
INTRODUCTION
Circulating tumor cells (CTCs) are a small number of cells in blood of cancerous patients that were first discovered in 1869 by Thomas Ashworth [1] . These cells are similar to the primary tumors and can be found in the blood stream. It is believed that these cells implement formation of the secondary tumors during metastasis [2] . Therefore, detection of these extremely rare cells within the blood stream may provide an important prospect for cancer prognosis. Different strategies have been proposed to capture, enumerate and characterize the CTCs [3, 4] . A key limitation in capturing and analyzing the CTCs is their extreme rarity in the blood relative to the hematological cells, which imposes formidable technical and analytical challenges. Since the CTCs can be found as low as 1 in 109 erythrocytes and 1 in 107 leukocytes, the challenge in isolating the CTCs is effective depletion of these cell types [5] . The mature erythrocytes have distinct physical, chemical, and biological properties which allow them to be easily removed from the blood. However, the leukocytes share many properties with the CTCs, leading to high levels of leukocyte contamination in many sep-aration methods. Thus, effective discrimination of the CTCs from the leukocytes is the key functional requirement of any separation technique. Different biochemical and physical separation methods have been proposed to separate the CTCs from the other blood components [6] . The biochemical CTC separation methods are typically based on a combination of affinity capture of cell surface antigens to enrich for potential target cells and fluorescent labelling of intracellular markers to identify the CTCs [3] . Existing biochemical separation processes discriminate the CTCs from the hematological cells using antigens expressed in epithelial cells. An established system developed using this approach has been marketed as the Veridex Cell Search System (Raritan, NJ, USA), and has received FDA approval for clinical enumeration of the CTCs. However, this technique is expensive, laborious and time-consuming; variable efficiencies of enumeration have also been reported for this method [7] . The physical CTC separation methods are based on differences in the physical properties of the CTCs including cell size, shape, deformability, density, electrical polarizability, and magnetic susceptibility compared to leukocytes. These methods are label-free, and therefore are able to avoid the epithelial antigen bias of existing biochemical methods.
By recent advancements in microfabrication techniques, the idea of using microfluidic devices for different biological and biomedical applications, such as CTC separation, has become increasingly common [8] [9] [10] [11] .The microfluidic devices offer many advantages such as significant reduction in the consumption of biological samples and reagents. Moreover, the continuous flow in the channels of the microfluidic devices can simulate the real situation in a living biological system. Many studies have suggested using microfluidic devices for the label-free separation of the CTCs from the other blood components based on their physical properties [12] [13] [14] [15] [16] . The biophysical and biomechanical properties of the CTCs are important because of their potential to be used to discriminate the CTCs from the leukocytes. In physical-based methods, size and deformability play important roles in the CTCs separation. Filtration of the cells through an array of micro-scale constrictions [17, 18] , inertia separation using inertial effects including drag forces from Dean flows, shear gradient lift forces, and wall-effect lift forces that can be balanced against each other to enable size based separation [15, 16] and dielectrophoresis (DEP) which is capable of discriminating between blood cells and tumor cells on the basis of the cell size [19, 20] are some typical methods which benefit the size and deformability difference between the CTCs and other blood components for their separation.
One prominent design in low Reynolds number regime is deterministic lateral displacement (DLD) which was first proposed by Huang and colleagues [21] . They exploit the hydrodynamic size differences between the nucleated and the non-nucleated cells. This is one of the mechanisms of particle separation that uses the laminar properties of the microfluidics in a periodic array of posts to sort the particles based on their size. In this method, unlike the cells larger than critical size, the cells smaller than the critical size will follow streamlines and pass through an array of the posts with no net lateral displacement, while the cells larger than the critical size will be shifted to the different streamline; when they are confronted with obstructions they are laterally displaced from the original streamline. This method has been widely used for the cell separation (e.g. separation of the blood components) [22] [23] [24] , separation of living parasites from human blood [25, 26] , purification of fungal spores [27] , bacterial chromosomes [28] , separation of healthy and malignant lymphocytes, [29] and separation of chromosomal bacterial DNA of differing lengths [21] .
Experimental studies have also been conducted to develop the DLD microfluidic devices for the CTC separation. As an example, Liu et al. [30] performed the experimental and theoretical studies and proposed the DLD microfluidic design for rapid and label-free cancer cell separation and enrichment from diluted peripheral whole blood; their proposed design is based on size-dependant hydrodynamic forces acting on the different cells [30] . Loutherback et al. [31] proposed the microfluidic design based on the DLD array to separate the CTCs from the blood stream. Their results show that more complex heterogeneous triangle arrays will allow the separation of a wide range of object sites with no clogging issue [31] . An integrated microfluidic lab-on-a-chip has also been introduced by Liu et al. [32] for effective and rapid isolation and capture of the CTCs from the blood.
Numerical studies were also conducted to investigate the DLD mechanism. As an example, Long et al. [33] numerically investigate array geometries with rational row-shift fractions in the DLD devices. They considered the effects of both advection and diffusion in their simulations; their results show that using needle-like posts decreases the shift in critical size due to the diffusion. Their results are valid for the devices where the post separation is on the same scale as the post diameter. Using numerical simulations, Quek et al. [34] studied the separation of deformable bodies, such as capsules, vesicles, and cells, in the DLD. Their results prove that in addition to the zigzag and laterally displaced trajectories that have been observed experimentally, there exists a third type of trajectory which is called dispersive. This type of movement (dispersive) is only observed for large and rigid particles whose diameters are approximately more than half the gap size between micro-pillars and the particles whose stiffness exceeds approximately 500MPa. Another numerical study performed by D'Avino [35] shows that the critical particle size in the DLD device can be tuned by using non-Newtonian fluids as suspending liquid. Many other numerical studies were conducted to examine particle motions in the DLD microfluidic devices [36, 37] .
So far, theoretical studies on the microfluidic based devices for separation of the CTCs from the blood components have lagged behind experimental ones, though they are completely essential to boost the current understanding of the mechanism of the separation, optimize the functionality of the current proposed microfluidic designs for the CTC separation, and reduce the side effects of the proposed system. To the best of our knowledge, there is no comprehensive numerical study on the CTC motions and separations in the DLD microfluidics devices; and all the previous researches focused on the experimental aspects of CTC separation by this method. To obtain the best results, deformability of the CTCs should be considered for the simulations. Also, most of the previous studies considered separation of the rigid particles in the DLD microfluidic devices; their results may not be extended to the deformable particles such as CTCs in the DLD microfluidic devices.
In this paper, a numerical study is performed to investigate the mechanism of the CTC separation by the DLD microfluidic device. In contrast to most of the previous numerical studies on DLD, here, the deformability of the particles is considered and a fluid-solid interaction algorithm is used to simulate their motion in the DLD arrays. Effect of different flow rates on the mechanism of the separation is investigated in our simulations. The rest of this article is organized as follows: In the next section, the governing equations and computational model of this study are provided; in section 3, the results of our simulations are presented. After that, the obtained results of this study are presented and are discussed. The concluding remarks are provided at the end of the article.
MATERIAL AND METHODS

Theory
As it was mentioned before, in the DLD microfluidic devices the particles will be separated by size. For each DLD design, the critical size of particles and the criteria of particle separation should be estimated carefully. Inglis et al. have developed a theory to determine the critical particle size in the DLD designs [36] . Based on their proposed theory, each gap can be divided by the stall lines into flow streams that have equal fluid flux. For each particle, if its radius is larger than the width of these stall lines, it will be forced to change its flow stream; otherwise, it will remain in the same stall line. Deterministic lateral displacement separation method is based on the asymmetric bifurcation of the laminar flow around an array of micro obstacles. These micro obstacles are shifted a specific distance () from the previous row (Fig. 1) . This shifted distance (), together with the gap size (g) and the centerto-center distance between two adjacent obstacles (), determines the critical separating particle size. When the particles with different sizes flow through these micro obstacles, they will follow specific pathways "deterministically". The particles smaller than the critical separating size will periodically change their path lines and follow a "zigzag" mode, whereas particles larger than the critical separating size will keep getting "bumped" when they travel to the next row of the obstacles and thus be displaced to one direction. If the flow profile is generated by the pressure gradient and it is parabolic, one can obtain the critical diameter (D c ) by using the following equations: 
where  is a parameter defined as shown below:
In the above equation,  is the row shift fraction which is equal to /, g is the gap distance and i is the imaginary unit. The slope of post arrays is a function of row shift fraction () and is referred as tiled angles (tan()).
Geometry and Material Properties
Unlike hematological cells, the diameter of the CTCs is bigger than 15m [37] ; thus, the design of the DLD post array should be based on the critical separation size of 15m. Using the theory of critical separation size [36] and referring to previous research on this topic [23, 31, 32] , the parameters of Table 1 were chosen for the numerical simulations of this study.
In the DLD microfluidic devices, cell deformation has a decisive effect on the cell separation that may change the trajectories of particles passing through arrays. Comparison of motion of rigid and deformable particles shows that the deformable cells have obeyed different critical separation sizes [38, 39] . Regarding these researches, the deformability of the cells should be considered in the simulations. The results of Atomic Force Microscopy (AFM) show that the elastic module of the CTCs is in the range of 0.23 ~ 1.1kPa [40] . Also, leukocyte mechanical behaviour is modeled as Maxwell fluid [41] in which stress () and strain () are related by:
where a superimposed dot indicates time differentiation of the variable and  cell  31 Pa.s and G cell 186 Pa are coefficients of viscosity and elastic shear modulus, respectively; a constant tension of 31pN/m is assumed around the cell to model behaviour of membrane [42] .Before performing experiments, the blood samples were usually diluted ten times; thus, the fluid was assumed to be water with viscosity of 1cP and density of 1000kg/m 3 .
Governing Equations
In this study, as the cell and the fluid affect each other, the fluid-solid interaction (FSI) approach is used [43] . In the FSI solutions, the arbitrary LagrangianEulerian formulation (ALE) has been used. An ALE formulation includes both pure Eulerian and pure Lagrangian formulations where an arbitrary referential coordinate should be introduced in addition to the Lagrangian and Eulerian coordinates. The governing equations for the ALE formulation are the conservation of mass, the momentum equation, and the energy equation. Proper boundary conditions should be applied to consider fluid-structure interaction at the surface of cell. These governing equations and boundary conditions are summarized as follow:
The conservation of mass equation:
The momentum equation:
Where the stress tensor is described as follows:
, , ( )
The energy equation:
where, in recent equations  is density, b is the body force, E represents the internal energy and ν and w are the material and reference velocities, respectively. The fundamental conditions applied to the fluidstructure interfaces are the kinematic condition (or displacement compatibility):
and the dynamic condition (or traction equilibrium):
where f d and s d are the fluid and solid displacements, respectively; f  and s  are the fluid and solid stresses, in that order. The underlining denotes that the values are defined on the fluid-structure interfaces only.
Numerical Simulation
The coupled fluid and structure model was solved by the finite element package ADINA (Adina R & D Inc., Watertown MA, USA). We have implemented the steered adaptive mesh repair procedure, coarsening meshes in the simulation of the fluid flow [44] . To discretize the fluid domain, the freeform meshing with 3-node triangular elements in 2D flows was employed. Quadrilateral 2-D Solid type elements having 9 nodes were used for the solid domain. The direct computational two-way coupling FSI method is employed, as this method is faster than the iterative. In this method, the fluid and the solid equations are combined and treated in a unit system. The Newton-Raphson iterative method was used to solve the discretized equations for both the solid and the fluid. Here, 500 iterations per step were used for the cells and blood models in the Newton-Raphson scheme. Initially, the particle was fixed by a spring to reach the steady state condition in fluid domain and with beginning the steady state condition, the spring element was removed by element death as it was implemented by Vahidi et al. [45] . No-slip and FSI boundary conditions are assumed on the wall of arrays and the wall of the CTC and the leukocyte, respectively. Also, a uniform constant fluid velocity at the inlet is imposed as boundary condition and a free traction at outlet (Fig. 1) .
To improve the accuracy of numerical simulation, mesh independency is investigated using the magnitude of fluid velocity between two posts. Increasing the number of elements more than 9000 did not affect the results; so, this number of elements assures the accuracy of our simulation and was used for simulations (Fig.  2 ). An exemplary mesh of fluid and solid domains is shown in Fig. 3 . Fig. 2 To analyze mesh independency the velocity magnitude between two posts is characterized for different number of elements. Increasing the number of elements to more than 9,000 does not change the velocity profile so discretization with 9,000 elements was implemented in this study. 
RESULTS AND DISCUSSION
As it was mentioned previously, in this study, the motion and separation of the CTC and the leukocyte cells are investigated in the DLD microfluidic devices. Different flow regimes were assumed to examine the effectiveness of the assumed DLD microfluidic device for the CTC separation. Here, we simulated the cells in two different Reynolds numbers (0.1 and 1); results including displacement, velocity, acceleration, deformation and stress of cells will be presented.
Cell Motion
Large particles cannot intercept the low-velocity fluid near the wall of the posts; thus, the bigger cells (CTCs) move faster and become separated from leukocytes. Motion of the cells in the microfluidic DLD devices is described by their trajectories through array posts. Depending on the size of the cells and the Reynolds number, the cells will follow different trajectories. Thus, these parameters should be defined precisely to enhance the performance of the device. Figure 4 shows displacement of the cells under different flow conditions. Two different flow conditions that are represented by Reynolds number around the circular posts are assumed in the simulations. In computing the Reynolds number, the characteristic diameter of circular posts and the velocity magnitude of the inlet fluid are considered. This graph demonstrates trajectory of the cells. The cells are all initially released from the same point which is assumed as origin of coordinate system (see Fig. 4 ). This figure shows the trajectory of the two cell types (e.g. CTC and white blood cell); the locations of the circular array posts of the DLD design are depicted by multiple arrows on each graph.
As it is shown in Fig. 4 , both CTC and white blood cell (hereafter WBC) initially follow the same path; as they go forward, the effect of posts causes them to pass through different trajectories. For the higher Reynolds number (Re 1, gray lines in Fig. 4) , the cells are laterally displaced and move farther from the posts. When the Reynolds decreases to 0.1, the cells encounter more profound wall effect due to their motion close to the posts; for WBC which is smaller, a zigzag motion will be triggered through posts (black dotted line in Fig.  4) . In this condition, the possibility of contact between the cells and the posts increases. As an example, for Re  0.1, the CTC contact the 4 th post which causes a jumped vertical motion of cell near the post. Figure 5 shows the trajectory of the WBCs under different flow conditions; colours represent velocity magnitude of flow field. The velocity field in both conditions follows a similar pattern. Laminar flow is observable and a parabolic profile of velocity can be detected between posts. Maximum velocity magnitude occurs in the middle of vertical gaps. Therefore, when the cells approach this area, they are influenced by a momentum forcing them downward. As it was previously mentioned, the WBCs in the lower Reynolds number follow the zigzag motion through posts which is clearly visible in Fig. 5 .
Motion of the CTC is also shown in Fig. 6 . The CTC moves similar to the WBC, however, because of their bigger size, their interaction with the flow field is more considerable. As it is shown in Fig. 6 , the velocity field changes due to the motion of the CTC; more specifically, the alteration of flow field due to the CTC motion is observable for the lower Reynolds number. In spite of the WBC, CTC motion is not affected by the flow condition; for both values of the Reynolds number (Re 1 and Re 0.1), it moves laterally. The variation and pattern of velocity during the cell's passage through posts is depicted in Fig. 7 . Generally, increase of the Reynolds number intensifies the velocity of cells. As it is shown in Fig. 7 , for the higher Reynolds number, the cells move faster.
The maximum These results are similar to previous researches on the cell trajectory and fluid field of the DLD microfluidic device [34, 35, 46] . Vertical component of the velocity (z velocity) provides more information about the cells motion through barriers and their tendency to move laterally. When the has a tendency to move downward, z component of velocity continues to remain negative; as an example, the black dotted line of Fig. 8 shows the z-component of velocity of WBC (Re 0.1).
Vectors of velocity in the fluid field for a typical case is shown in Figs. 9(a) and 9(b) . It shows the magnitude and direction of the velocity vectors around posts and the cell; it also indicates that the flow guides the cell though the barriers. As an example, in Fig. 9(a) , the cell decelerated and its velocity is less than the velocity of surrounding fluid where it is completely vice versa for the case of Fig. 9(b) .
The behavior and movement of the particles are mainly affected by drag force at low Reynolds numbers (laminar flows). When the stress acting on the cells due to the drag force (the dominant force induced to the cell on laminar flow) dramatically increases, the cells have more tendencies to change their direction through the posts which causes a zigzag motion. For the bigger cells (CTCs), the velocity gradient acting on them is stronger and the zigzag motion is more tangible (see Fig. 10 ). As it is shown in Fig. 9 , the presence of posts makes the velocity field very complex and causes more velocity gradient (this gradient is higher near the posts and can be sensed more by the cells moving there). Therefore, for the larger cells the velocity gradient has a major role in the separation procedure.
Cell Stress and Deformation
Unlike previous research on the DLD [34, 35] , the current study aims to present a prospective of the cells' stress and deformation and their effects on the cell motion. Equation of effective stress is shown by: 
where S ij are the deviatoric stresses
and  ij is the Kronecker Delta and  ij is the stress.
As the cells move forward, for the case of Re 1, Fig. 10 shows maximum amount of effective stress on the cell. As it is shown in this Figure, the peak of maximum effective stress occurs before reaching the zenith of each post. Generally, the WBC experiences less stress than the CTC and it might be because of their smaller size and different mechanical properties. Maximum effective stress increases by increasing the chance of contact between the cells and the posts.
As it can be seen in Fig. 10 , the maximum amount of cell's stress occurs when the cell reaches the post. The contour of effective stress acting on the leukocyte and the CTC approaching the posts is depicted in Fig. 11 . Also, the maximum deformation occurs when the cells move beside the posts; greater proximity of the cells to posts causes more stress and deformation on the cells. As it is obvious in Fig. 11 , progress of stress on the cells starts from their nearest point to the posts. In comparison with the CTC, more parts of the leukocyte are influenced by this stress. Distribution of the stress in both cells is similar and a core-like circular pattern of stress can be determined.
Unfortunately, there is no experimental investigation on the stress of cells in DLD microfluidics comparable to our numerical one, although results presented here can be used as reliable decision-making consequences to help design DLD microfluidic devices. 
CONCLUSIONS
This study aimed to obtain a comprehensive analysis of a cell's motion and deformation in the DLD microfluidic device. Due to the expensive procedure of fabrication, it is vital to consider the designed microfluidic devise before fabrication; numerical analysis seems to be a powerful tool for this purpose.
Flow condition, cell deformability, and stress are crucial parameters affecting separation throughput in the DLD which all are considered in this study. In the designed DLD of this study, the CTC's motion is independent of the flow condition and is laterally displaced even for the higher Reynolds number, which is not the case for the leukocyte. By reducing the Reynolds number, e.g. decreasing the flow rate, the cell will experience a zigzag motion through arrays post. To reduce the cellular stress during separation process in order to increase the efficiency of microfluidic device [47] , the obtained results of this study (Fig. 11) may be used as a significant design parameter for the DLD.
The results of this study also show the distribution of effective stress on the cell on its maximum deformation (Fig. 11) . The patterns of effective stress in both CTC and leukocyte are similar; however, more areas of leukocyte experience this stress.
In conclusion, this was the first comprehensive numerical analysis of cell dynamic in the DLD microfluidic device. In this study, the interaction of the particles and flow and the cell's deformability were considered in the simulations.
